Cartilage tissue engineering is emerging as a technique for the regeneration of cartilage tissue damaged due to disease or trauma. Since cartilage lacks regenerative capabilities, it is essential to develop approaches that deliver the appropriate cells, biomaterials, and signaling factors to the defect site. The objective of this review is to discuss the approaches that have been taken in this area, with an emphasis on various cell sources, including chondrocytes, fibroblasts, and stem cells. Additionally, biomaterials and their interaction with cells and the importance of signaling factors on cellular behavior and cartilage formation will be addressed. Ultimately, the goal of investigators working on cartilage regeneration is to develop a system that promotes the production of cartilage tissue that mimics native tissue properties, accelerates restoration of tissue function, and is clinically translatable. Although this is an ambitious goal, significant progress and important advances have been made in recent years.
Introduction
Tissue engineering is an evolving field that has the potential to provide permanent solutions to tissue damage and tissue loss to millions of people each year [1] . The basic approach to tissue engineering involves the use of cells, scaffolds, and signaling factors, alone or in combination. Engineering cartilage is no exception to this approach. Cartilage, a predominantly avascular, aneural, and alymphatic tissue, is composed of sparsely distributed chondrocytes embedded within a dense extracellular matrix (ECM). This ECM is composed of primarily type II collagen and proteoglycans that provide the tissue with sufficient mechanical properties for function in vivo. Due to its limited ability to self repair, cartilage is an ideal candidate for tissue engineering.
The concept of cell-based therapies for cartilage regeneration and repair is not new. Autologous chondrocyte transplantation (ACT) has been used clinically to repair both craniofacial and articular cartilage defects. Since 1987, ACT has been used to treat full-thickness chondral defects in more than 12,000 patients worldwide [2] . This approach involves harvesting small biopsies of cartilage from the patient in a minimally invasive manner, isolating chondrocytes from the donor tissue, and expanding the cells in vitro. These cells are then delivered to the cartilage defect site under a periosteum flap to produce new cartilage tissue. Due to the low cell density of mature cartilage tissue, an inherent limitation of ACT is the low number of cells obtained through the biopsy. As research in the field of cartilage tissue engineering advances, new techniques, cell sources, and biomaterials are being employed to overcome these limitations and enhance and improve the quality of the repair.
Although new technology is important for all cartilage types, regenerative techniques for articular cartilage (hyaline) defects that result from traumatic injury or degenerative joint diseases, would probably have the largest impact on patients. With an aging population and the growing problem of obesity, the number of osteoarthritis cases is estimated to boom in the coming years. Currently, more than 250,000 knee and hip replacements are performed in the United States each year for end-stage disease joint failure, and many other patients suffer from less severe cartilage damage [3] . Also, with a more active adult population, cartilage damage resulting from sports injuries can often result in premature cartilage degeneration. The popular treatments for articular cartilage repair include: microfracture, mosaicplasty, ACT, and osteochondral allograft transplantation.
Although these techniques have successfully relieved pain and improved joint function, each are plagued with their disadvantages that can deter their long-term clinical application [2] . For instance, cartilage produced from these techniques is often composed of type I collagen (characteristic of fibrocartilage), which is biochemically and biomechanically inferior to hyaline cartilage. In addition, the repaired tissue often lacks the structure of native cartilage. Other drawbacks to current treatments include donor site morbidity, complicated surgical procedures, risks of infection, and graft rejection.
To date, the properties and structure of native cartilage have not been entirely mimicked by any engineered replacement. Thus, the objective of this review is to provide an overview of the emerging trends in cartilage tissue engineering, with an emphasis on cell source, as it is an essential component to any cartilage repair technique. The use of scaffolds as vehicles for cell delivery and the addition of stimulatory factors will also be discussed with respect to their effects on cell behavior and tissue formation. The wide range of approaches investigated for cartilage tissue engineering is summarized in Fig. 1 . Although it is not possible to cover every cartilage tissue engineering study in detail, this review represents the major steps that are being taken towards the production of engineered cartilaginous tissue.
Cell source
The optimal cell source for cartilage tissue engineering is still being identified. Chondrocytes, fibroblasts, stem cells, and genetically modified cells have all been explored for their potential as a viable cell source for cartilage repair (Table 1) . Chondrocytes are the most obvious choice since they are found in native cartilage and have been extensively studied to assess their role in producing, maintaining, and remodeling the cartilage ECM. Fibroblasts are easily obtained in high numbers and can be directed toward a chondrogenic phenotype [4] . Recent work has focused on stem cells, which have multi-lineage potential and can be isolated from a plethora of tissues. These progenitor cells can be expanded through several passages without loss of differentiation potential. Additionally, all of these cells can be modified genetically to induce or enhance chondrogenesis. The goal is to find an ideal cell source that can be easily isolated, is capable of expansion, and can be cultured to express and synthesize cartilage-specific molecules (e.g., type II collagen and aggrecan).
Chondrocytes
Differentiated chondrocytes are characterized by a rounded morphology and the production of ECM molecules such as type II collagen and sulfated glycosaminoglycans (GAGs). Chondrocytes maintain and remodel cartilage matrix tissue by a careful balance of catabolic and anabolic processes involving matrix metalloproteinases (MMPs) and tissue inhibitors of metalloproteinases (TIMPs). Preserving these characteristics is crucial for chondrocytes to be used as a cell source for cartilage repair. A variety of key issues involving the use of chondrocytes as a cell source for clinical application will be covered in this section.
Chondrocyte expansion
As mentioned above, one of the major challenges for cartilage tissue engineering is obtaining sufficient cell numbers to fill a clinically relevant defect. Chondrocytes are limited in number, comprising only 5-10% of cartilage tissue, and thus, need to be expanded prior to use. Unfortunately, monolayer expansion causes dedifferentiation of chondrocytes, which is characterized by decreased proteoglycan synthesis and type II collagen expression and increased type I collagen expression. Changes in the expression of collagens [5, 6] , integrins [7] , growth factors [8] , and matrix modulators [9] and the activation of signaling proteins like src homology collagen (SHC) and extracellular signal-regulated kinase 1/2 (Erk1/2) [10] accompany dedifferentiation and are used as early markers or signs of irreversibly dedifferentiated cells. Darling et al., showed changes in articular chondrocyte gene expression (type I and type II collagen, aggrecan, and superficial zone protein) as early as the first passage, even when encapsulated in alginate beads [11] . Furthermore, the use of passaged cells can lead to compromised tissue quality with decreased biochemical content and mechanical properties [12] .
A variety of substrates [13] [14] [15] and growth factors (GFs) like fibroblast growth factor-2 (FGF-2) [16] have been used to prevent or slow chondrocyte dedifferentiation in monolayer cultures. For instance, the gene expression of chondrocytes was similar when grown on aggrecan-coated polystyrene to cells redifferentiated in 3D agarose gels [15] . However, substrates coated with fibronectin and type I/II collagen were unable to prevent the loss of phenotype [14, 15] ; though type II collagen-expanded human articular chondrocytes are able to regain their phenotype when cultured in pellets in chondrogenic medium and expressed higher mRNA for type II collagen and greater GAG production over tissue culture polystyrene-expanded chondrocytes [13] . Three dimensional cultures, such as agarose [17] , alginate beads [18] , and fibrin glue [19] may preserve the chondrocyte phenotype (i.e., increased aggrecan production and type II collagen expression). However, some complications may be encountered during cell recovery [19] . Thermoreversible hydrogels, like poly(N-isopropylacrylamide-co-acrylic acid) (PNiPAAm-co-Aac), have also been used to expand chondrocytes without loss of phenotype, and the thermoreversible nature of the gels allows for easy cell recovery [20] . Once expanded, differentiated chondrocytes can be released and seeded onto other scaffolds. Also, Malda et al showed that nasal and articular chondrocytes could be expanded without dedifferentiation on macroporous gelatin CultiSher and Cytodex-1 microcarriers, respectively, with doubling times comparable to standard T-flask expansion [21, 22] .
In addition, a variety of methods have been employed to redifferentiate chondrocytes including the use of 3D scaffolds, bioreactors (e.g., rotating wall reactors) [23] , reduced oxygen tension [24] , and the addition of GFs like transforming growth factor-β (TGF-β), FGF, and insulin-like growth factor (IGF) [25] . In addition, co-culture with up to 20% of primary cells has up-regulated expression of aggrecan, type II collagen, and the transcription factor Sox 9, while down-regulating type I collagen [26] . Finally, redifferentiation can be affected by surface chemistry. Woodfield et al showed that a substrate with low adhesion supported a chondrocytic phenotype, where cells exhibited a round morphology and minimal expression of the α5β1 integrin [27] .
Zonal organization
Articular cartilage is an anisotropic tissue composed of a superficial, middle, and deep zone. Each distinct zone varies in structure and function, responds to different stimuli, and secretes different proteins [11] . Chondrocytes isolated from each zone have unique growth rates [28] , gene expression [29, 30] , and levels of biosynthesis [31, 32] . For instance, chondrocytes isolated from the superficial layer exhibit increased superficial zonal protein (SZP) expression, while chondrocytes from middle and deep zones exhibit increased type II collagen expression [29, 30] . An increase in GAG and collagen is observed with increased depth, providing the deep zone with superior mechanical properties compared to the superficial zone [31, 32] . Typically, articular cartilage engineering studies use homogenous cell mixtures from immature animals, which yield chondrocytes that produce large amounts of ECM, but lack zonal organization. Recently, more attention has been focused on the differences among these zones, and methods of recreating zonal organization in engineered constructs are being explored, including multilayer hydrogels and porous gradient scaffolds.
Bilayer poly(ethylene oxide) diacrylate (PEODA) [33] and multilayer poly(ethylene glycol) diacrylate (PEGDA) [34] hydrogels have been engineered to support the growth of isolated articular chondrocyte subpopulations. Using sequential photopolymerization of multiple layers, cell populations can be distributed in layers throughout a 3D construct. These multilayered constructs exhibited similar cell and ECM distribution patterns to that of native cartilage [34] and the bilayer constructs expressed greater shear and compressive strengths than homogenous cell-seeded constructs [33] . In addition, the influence of anisotropic pore architecture on zonal organization has also been investigated. Porous poly(ethylene glycol)-terephthalatepoly(butylene terephthalate) (PEGT/PBT) copolymer scaffolds with either homogenous pores or pore-size gradients were developed using a 3D fiber deposition technique. In vitro cultures yielded inhomogenous cell distributions and zonal distributions of GAGs and type II collagen similar to that of native cartilage [35] . The regeneration of zonal organization of engineered cartilage may be important towards the development of functional tissue.
Chondrocyte sources
Many studies have focused on the use of articular chondrocytes as a viable cell source for cartilage repair. However, the harvesting of joint cartilage is a highly invasive procedure accompanied by the potential for donor site morbidity and loss of function. In addition, low cell yields, low mitotic rates, and low bioactivity can further limit the use of articular chondrocytes in a clinical setting. With these limitations in mind, other potential autologous chondrocyte sources in the body including auricular, nasoseptal and costal cartilage are being investigated. Known differences among these chondrocyte sources in terms of function, structure, and composition make each unique in elaborating an ECM with discrete biochemical, physical and biomechanical properties; and thus, the eventual choice of chondrocyte depends on the desired application.
Auricular cartilage is an elastic cartilage found in the ear and epiglottis. In a study by van Osch et al., human auricular chondrocytes were investigated for their potential use in cartilage repair [36] . Compared to articular cartilage, auricular chondrocyte isolation resulted in cell yields 2-fold higher and cell proliferation rates 4 times faster, while retaining chondrogenic potential when cultured in alginate beads. With in vivo culture, constructs exhibited proteoglycan-rich matrices with positive type II collagen staining and faint elastin staining. In addition, auricular chondrocyte samples produced neocartilage with greater biochemical and histological similarity to that of native cartilage than articular counterparts when implanted in vivo [37] .
Nasoseptal cartilage is a hyaline cartilage that has received attention for applications in craniofacial and plastic surgeries. Adult nasal chondrocytes are capable of generating a matrix with high collagen II/I ratio and GAG accumulation [38] . In addition, nasal chondrocytes proliferate 4 times faster than articular chondrocytes in monolayer [38] , and can be seeded at very low seeding densities with an 838-fold expansion in one passage without dedifferentiation [39] . Also, nasal chondrocytes have been successfully cultured as macroaggregates [40] , on collagen microcarriers [41] , and in a number of scaffold systems including alginate [18] , PEGT/PBT block copolymer [42] , methylcellulose [43] , and HYAFF(R)11 [44] , a hyaluronic acid (HA) derivative. These cells show good viability and produce an ECM-rich tissue with high expression of type II collagen under appropriate culture conditions [40] [41] [42] [43] [44] . Additional studies show that nasal chondrocytes respond to growth factors like TGF-β1, FGF-2, bone morphogenic protein-2 (BMP-2), and IGF-1 [45, 46] in serum-free culture with enhanced proliferation and/or matrix deposition.
In a chondrocyte source comparison study, bovine nasal, articular, costal, and auricular chondrocytes were grown on poly (L-lactide-ɛ-caprolactone) scaffolds for 4 weeks [47] . Growth rates and gene expression varied with cell type, where the highest expression of type II collagen and aggrecan was found for costal chondrocytes, followed by nasoseptal, articular, and auricular chondrocytes. The construct size also varied, with auricular constructs having the largest diameter and costal constructs the greatest thickness. Another study looked at the effect of GFs on auricular, nasal, and costal chondrocytes and showed that all cell types exhibited increased proliferation, GAG/DNA content, and up-regulation of type II collagen expression after GF supplementation. However, redifferentiation was only achieved in auricular and nasal chondrocyte cell pellets [48] . Furthermore, Johnson et al demonstrated that articular, auricular, and costal chondrocytes were all able to form new cartilaginous matrix when cultured in fibrin glue-cartilage composites in vivo [49] .
Aged, osteoarthritic, cryogenically-preserved chondrocytes
As mentioned previously, efforts in cartilage regeneration have focused primarily on chondrocytes isolated from immature animals. These neonatal and young chondrocytes have faster growth rates, the capacity for rapid in vitro expansion, and greater chondrogenic potential (increased Sox 9 and type II collagen expression) over chondrocytes from older donors [30] . Although these traits are advantageous for expanding chondrocytes and producing ECM-rich neocartilage, the use of immature cartilage in a clinical setting for older patients may not be possible. Thus, the proliferative and chondrogenic potential of adult, osteoarthritic, and even cryogenically preserved chondrocytes are also explored as alternative cell sources.
In agarose gels, older chondrocytes exhibit decreased cell yields [50] , lower proliferation rates [30, [50] [51] [52] , diminished chondrogenic potential [30, 52] and decreased tensile stiffness [53] when compared to fetal and young chondrocytes. However, these limitations can be countered with the addition of GFs like TGF-β1 [50] , TGF-β2 [52] , FGF-2 [50] , platelet-derived growth factor (PDGF) [50] , and/or IGF-1 [52] . Also, culture in serum-free media resulted in increased proliferation rates, a greater ratio of type II to type I collagen, and decreased expression of MMP-3, which is commonly associated with matrix degradation [51] . When articular chondrocytes from young and old sheep were encapsulated in fibrin glue and cultured subcutaneously in nude mice for 7 and 12 weeks, constructs from old and young donors exhibited similar patterns of ECM deposition, with increasing DNA, GAG, and hydroxyproline content with culture [54] . Other culture environments like the rotating wall vessel (RWV) with controlled oxygen tension were used to show that aged articular chondrocytes were capable of aggregating and forming solid tissue with positive staining for type II collagen after 12 weeks [55] . However, research is still needed to optimize culture techniques for these aged cells and to define their limitations and potential use in a clinical setting.
Osteoarthritic (OA) chondrocytes have also been investigated for their potential in cartilage repair. Both in vitro and in vivo culture of OA cells on HYAFF(R)11 yielded positive staining for type II collagen and sulfated proteoglycans and negative staining for type I collagen [56] . Furthermore, OA articular chondrocytes can be transduced with Sox 9 via adenoviral and retroviral vectors to stimulate type II collagen expression and deposition in both monolayer and alginate bead cultures [57] . Finally, cryogenically preserved cells may provide an alternative source for cartilage regeneration. Septal chondrocytes frozen for 3 years showed evidence of hyaline growth on knitted polygalactin 910 woven mesh scaffolds after 6 weeks of culture in a slowly turning lateral vessel [58] .
Fibroblasts
Skin presents a minimally invasive, relatively abundant source of fibroblasts for tissue engineering. Although the direct transplantation of fibroblasts on PLA meshes in a cartilage defect leads to fibrous tissue production [59] , fibroblasts can be redirected towards a chondrocytic phenotype when cultured under the appropriate conditions. Human dermal fibroblasts pretreated with IGF-1 and cultured on aggrecan form dense aggregates that stain positive for GAGs and type II collagen [60] . In addition, dermal fibroblasts cultured in the presence of demineralized bone [61] , or grown as high density micromass cultures in the presence of lactic acid [4] express cartilage specific matrix proteins like aggrecan and type II collagen. Also, fibroblasts expressing active TGF-β1 were injected into cartilage defects and showed evidence of newly formed hyaline cartilage after 6 weeks [62] . Recently, Deng et al isolated a subpopulation of skin-derived cells called dermis-isolated, aggrecan-sensitive (DIAS) cells [63] . These cells up-regulate aggrecan, cartilage oligomeric matrix protein (COMP), and type II collagen over unpurified dermis cells. Furthermore, 3D selfassembled constructs developed from DIAS cells show evidence of rich cartilage-specific ECM.
Stem cells
Recently, stem cells have generated significant interest in cartilage tissue engineering as an alternative to autologous chondrocytes. Stem cells are pluripotent cells that can be differentiated down multiple cell lineages given the appropriate cues. In 1998, bone-marrow derived stem cells were found to undergo chondrogenesis when cultured in cell aggregates in the presence of TGF-β1 [64] . More recently, adipose tissue has been identified as a source of stem cells that can be isolated under local anesthesia with minimal discomfort [65] . Other sources of stem cells investigated for cartilage repair include muscle [66, 67] , synovium [68] [69] [70] , and periosteum [71] .
Bone marrow-derived stem cells
Bone marrow-derived stem cells (BMSCs) undergo chondrogenesis in a variety of culture conditions, which typically involves induction with TGF-β and a 3D culture environment (e.g., cell pellets and micromasses). For in vitro culture, the addition of TGF-β has generally stimulated enhanced chondrogenesis, regardless of culture method or scaffold; however, the degree of chondrogenesis is scaffold dependent [72] . For example, Coleman et al showed increased sulfated GAG production by BMSCs in alginate over agarose gels [72] . To date, numerous scaffolds have been used in conjunction with TGF-β and chondrogenic media supplementation towards the chondrogenesis of BMSCs including: agarose [72, 73] , alginate [72] , poly(ethylene glycol) (PEG) [74] , poly(glycolic acid) (PGA) [75] , silk [76, 77] , poly(DL-lactic-co-glycolic acid)-collagen (PLGA-collagen) meshes [78] , gelatin/chondroitin/HA tri-copolymer [79] , and electrospun polycaprolactone (PCL) [80] . Evidence of chondrogenesis was characterized by enhanced type II collagen and aggrecan expression and accumulation. In addition to TGF-β, the cycling of growth factors (BMP-6 and IGF-1) during in vitro culture also affects chondrogenesis [81] . In addition, cultures of BMSCs with components of the joint cavity, like synovial fluid or synovial cells, induce chondrogenesis in vitro [82] .
For in vivo delivery, a controlled method of TGF-β introduction is usually employed to induce chondrogenesis. Alginate beads loaded with TGF-β1 exhibited sustained release for 35 days in PBS at 37°C and induced chondrogenesis [83] . Others have loaded TGF-β1 in gelatin microspheres, which enhanced BMSC repair in a full-thickness defect over in vitro differentiated cells [84] . Using a gene therapy approach, human BMSCs lipofected with TGF-β2 showed an upregulation of type II collagen and aggrecan expression and enhanced matrix synthesis for up to 4 weeks [85] . In addition, differentiation in vivo without GF release has also been investigated. In these cases, BMSCs rely on the scaffold and the natural in vivo environment for differentiation cues. Various scaffolds without incorporated GF release have been investigated including: HA [86] , PGA [87] , and beta-tricalcium phosphate ceramic [85] scaffolds. One study showed that cryopreserved human BMSCs were capable of producing cartilaginous tissue when subcultured on PGA scaffolds in vitro, followed by implantation in nude mice for 10 weeks [75] . Furthermore, osteoarthritic BMSCs maintained their differentiation potential during monolayer expansion in the presence of FGF-2 [88] . Additionally, the co-culture of BMSCs and chondrocytes increased cell proliferation and cartilaginous ECM deposition with positive expression for type II collagen [89, 90] . This may be attributed to GF secretion and cell-cell interactions [89] or a chondrogenic microenvironment provided by the chondrocytes to promote the in vivo chondrogenesis of BMSCs [90] .
However, a limitation of BMSCs is the mechanical integrity of the matrix they produce [91] . In a long-term agarose culture, chondrogenesis was observed in the BMSC-laden gels, but the amount of matrix produced and mechanical properties were inferior to that produced by chondrocytes from the same donor [91] . The GAG content and the equilibrium modulus of BMSCladen gels plateaued with time, suggesting diminished chondrogenic capacity rather than delayed differentiation.
Adipose-derived stem cells
A fibroblast-like population of stem cells can be isolated from adipose tissue and cultured in vitro for an extended period with stable expansion and low levels of senescence [65] . These cells are mesenchymal in origin, as determined by immunofluorescence and flow cytometry, and are capable of differentiating into chondrocytes in the presence of TGF-β, ascorbate, and dexamethasone in combination with a 3D culture environment [65, 92] . Differentiation has been achieved in high density micromass cultures [93, 94] , and in alginate [95] [96] [97] , agarose [95] , and collagen-based scaffolds [95, 98] . During in vitro culture, chondro-induced adipose-derived stem cells (ADSCs) produced cartilage-specific matrix proteins and exhibited an increase in equilibrium compressive and shear moduli with accumulation of sulfated-GAGs [95] . In monolayer culture, these cells exhibited prehypertrophic alteration in late stages after induction [97] . Masuoka et al showed hyaline cartilage repair in full-thickness defects in rabbits using ADSCs and an atelopeptide type I collagen honeycomb-shaped scaffold [98] . In addition, a novel elastin-like polypeptide (ELP) has been shown to promote chondrogenic differentiation of ADSCs without media supplements [99] . After 2 weeks of culture, similar accumulations of sulfated GAGs and type II collagen were observed in constructs cultured in chondrogenic and standard media.
The use of GFs, like FGF-2 and BMP-6, also affects the chondrogenesis of ADSCs. FGF-2 increases cell proliferation and enhances chondrogenesis by inducing N-Cadherin, FGF-R2, and Sox 9 in micromass culture [94] . BMP-6 alone also upregulates the expression of aggrecan (205-fold) and type II collagen (38-fold) in alginate culture [100] . Despite their ability to undergo chondrogenesis, comparative studies suggest that ADSCs have lower chondrogenic potential than stem cells isolated from other sources such as bone marrow [69, [101] [102] [103] . A lower accumulation of cartilage-specific matrix proteins [69, 101, 102] and lower type II collagen gene expression [101, 103] over other cell types suggests that more research needs to be done to optimize the chondrogenic potential of ADSCs.
Other adult stem cells
Besides bone marrow and adipose tissue, muscle, synovium, and periosteum are other sources of adult stem cells being explored for applications in cartilage repair. Nawata et al generated cartilaginous tissue with muscle-derived stem cells (MDSCs) using type I collagen scaffolds with the addition of BMP-2 and diffusion chambers [66] . These constructs were then implanted into full thickness rat defects, and resembled mature cartilage after 5 weeks. MDSC-seeded type I collagen gels performed similarly to chondrocyte-seeded constructs in full thickness defects [67] .
Stem cells isolated from synovium have been cultured in micromasses [68] , and in alginate [68] and collagen gels [70] to produce cartilaginous tissue. In alginate culture, BMP-2 stimulates a dose-dependent expression of Sox 9, type II collagen, and aggrecan in these encapsulated cells that was comparable to articular chondrocytes [68] . However, this was not true for TGF-β isoforms, suggesting that the effects of GFs may differ depending on stem cell source. In a comparative study of mesenchymal stem cells (MSCs) isolated from 5 different tissue sources, synovium-derived stem cells were shown to have the greatest chondrogenic potential [69] . In fracture healing and callus distraction, periosteum-derived stem cells (PDSCs) differentiated into chondrocytes during endochondral ossification. Although the factors regulating this process are still unclear, GFs assist periosteum-derived stem cell chondrogenesis. In an in vitro agarose culture, the addition of IGF-1 improved PDSC chondrogenesis in a dose-dependent manner and was improved with the addition of TGF-β1 [71] .
Embryonic stem cells
PEG hydrogels showed chondrogenesis with upregulation of cartilage specific markers, while stimulation with TGF-β1 resulted in basophilic ECM deposition characteristic of neocartilage [104, 105] . In addition, mouse ESCs undergo chondrogenesis with the addition of BMP-2 and BMP-4, exhibiting increased Alcian blue and type II collagen staining [106] . However, different mouse ESCs lines exhibit varying degrees of spontaneous chondrogenic differentiation [107] . A study with human ESCs demonstrated that human ESC-derived EBs were capable of complete chondrogenesis from chondrogenic induction to hypertrophic maturation [108] . EB cells dissociated and plated as high-density micromasses, as well as the addition of BMP-2, accelerated and enhanced chondrogenesis with the formation of a cartilage-rich ECM composed of collagen and proteoglycans. Furthermore, co-culture of human ESCs with primary chondrocytes was shown to induce chondrogenesis, where the co-cultured cells expressed Sox 9 and type II collagen, whereas cultures of human ESCs alone did not [109] . Overall, cartilage tissue engineering research with ESCs is still relatively new and as we learn more about ESCs, new strategies for purification and differentiation will be identified to fully assess their potential as a viable cell source for cartilage engineering.
Scaffolds
Numerous scaffolding materials have been used for cell delivery in cartilage regeneration. The primary focus has been on polymeric materials, in forms of hydrogels, sponges, and fibrous meshes (Fig. 2) . Scaffolds provide a 3D environment that is desirable for the production of cartilaginous tissue. Ideally the scaffold should: 1) have directed and controlled degradation, 2) promote cell viability, differentiation, and ECM production, 3) allow for the diffusion of nutrients and waste products, 4) adhere and integrate with the surrounding native cartilage, 5) span and assume the size of the defect, and 6) provide mechanical integrity depending on the defect location. Scaffold degradation can occur hydrolytically or enzymatically, and by controlling degradation temporally and spatially, scaffolds can enhance and direct new tissue growth. For example, scaffolds with degradable and non-degradable units show improved ECM distribution compared to completely non-degradable scaffolds [110] . However, a balance must be found since slow degradation may impede new cartilaginous ECM production, while fast degradation may compromise structural support and shape retention. For instance, Solchaga et al showed that scaffolds with slower degradation rates yielded cartilage of greater thickness in an osteochondral defect model, but cracks and fissures were evident on the cartilage surface [111] .
In designing a scaffold, cell seeding density and seeding method should be carefully considered since the appropriate numbers of cells must be used to ensure adequate cell-cell interactions. Many approaches attempt to mimic the natural condensation of cells during embryonic cartilage development by seeding in aggregates or at high densities. Higher initial seeding densities tend to facilitate greater ECM synthesis and deposition, presumably due to cell-cell interactions [73, 112, 113] . The method of seeding, statically or dynamically, can dictate cell distribution and infiltration into the scaffold. In sponge and mesh scaffolds, dynamic seeding can improve cellular distribution [112] , whereas hydrogels typically support uniform cell distributions if cells are adequately suspended during gelation.
To date, a wide range of natural and synthetic materials have been investigated as scaffolding for cartilage repair. Natural polymers that have been explored as bioactive scaffolds for cartilage engineering include: alginate, agarose, fibrin, HA, collagen, gelatin, chitosan, chondroitin sulfate, and cellulose (Table 2) . Natural polymers can often interact with cells via cell surface receptors and regulate or direct cell function. However, due to this interaction, these polymers may also stimulate an immune system response; thus, antigenicity and disease transfer are of concern when using these biomaterials. In addition, natural polymers may be inferior mechanically and subject to variable enzymatic host degradation. On the other hand, synthetic polymers are more controllable and predictable, where chemical and physical properties of a polymer can be modified to alter mechanical and degradation characteristics. Synthetic polymers currently explored for cartilage repair include: poly (α-hydroxy esters), PEG, poly(NiPAAm), poly(propylene fumarates), and polyurethanes (Table 2) . However, unless specifically incorporated, synthetic polymers do not benefit from direct cell-scaffold interactions, which can play a role in adhesion, cell signaling, directed degradation, and matrix remodeling. In addition, degradation byproducts may be toxic or elicit an inflammatory response. Finally, scaffold architecture also plays a major role in dictating cellular behavior. Scaffolds can be categorized into hydrogels, sponges, and fibrous meshes (Fig. 2) . The following sections outline the advantages and disadvantages to each scaffold structure and introduce materials that have been investigated for cartilage tissue engineering.
Hydrogels
Hydrogels are water swollen networks, suitable for the delivery of cells and bioactive agents. Hydrogels may be used as injectable scaffolds since they easily fill defects of any size and shape and may be implanted in a minimally invasive manner. Hydrogels support the transport of nutrients and waste, and can homogenously suspend cells in a 3D environment, where encapsulated cells typically retain a rounded morphology that may induce a chondrocytic phenotype. Hydrogels are also capable of transducing mechanical loads to exert controlled forces on encapsulated cells, similar to physiological conditions. Though their mechanical properties can be altered by crosslinking density (which may compromise cell viability) limited mechanics may be the major drawback to using hydrogels [114] .
Hydrogels are crosslinked either physically or chemically. Physically crosslinked gels are held together by molecular entanglements and/or secondary forces like ionic or hydrogen bonding or hydrophobic interactions, while chemically crosslinked gels are covalently bonded. Molecular weight, macromer concentration, method of crosslinking, crosslinking density, and mesh size dictate the physical and chemical properties of the hydrogel including: swelling ratio, mechanics, cell viability, and degradation rate. Photopolymerization is one approach to chemically crosslink hydrogels using ultraviolet or visible light, and provides uniform cell seeding with both spatial and temporal control over polymerization [115] . Careful screening of photoinitiating conditions has been performed to optimize cell viability within these crosslinked networks [116] .
PEG is a relatively inert polymer and supports chondrogenesis when crosslinked into hydrogels [114] . Further modifications to PEG, including the addition of hydrolyzable units and bioactive peptides have improved cartilage tissue growth [110] . For instance, degradable lactic acid units have been added to PEG hydrogels to increase cell proliferation and ECM deposition [110, 114, 117, 118] . Recently, Lee and colleagues covalently incorporated a collagen mimetic peptide (CMP) into PEG hydrogels [119] . CMP is known to associate with type I collagen and other ECM fibers, forming physical crosslinks that can then be manipulated by cells. This study showed that PEG hydrogels conjugated with CMP limited the diffusion of exogenous type I collagen and increased ECM production by encapsulated chondrocytes. PEG has also been combined with methacrylated poly(glycerol succinic acid) dendrimers [120] .
Another polymer used for cartilage tissue regeneration is HA, a linear polysaccharide found natively in cartilage. It functions as a core molecule for the binding of keratin sulfate and chondroitin sulfate in forming aggrecan in cartilage and degrades primarily by hyaluronidases found throughout the body. HA plays a role in cellular processes like cell proliferation, morphogenesis, inflammation, and wound repair [121] , and may function as a bioactive scaffold, where cell surface receptors for HA (CD44, CD54, and CD168) allow for cell/scaffold interactions. For photopolymerization, HA can be modified with methacrylate groups [122, 123] , and by varying the molecular weight and concentration of the modified HA, a wide range of properties can be obtained [124] . Increased macromer concentrations significantly increased the network compressive modulus and degradation time while decreasing the swelling ratio and cell viability [124] . These variations in scaffold properties also affected neocartilage formation by auricular chondrocytes in vivo [125] . In a recent in vivo rabbit defect model, Liu et al investigated the quality of repair using HA-gelatin hydrogels seeded with MSCs. Defects with MSCs alone exhibited hyaline-like cartilage on the peripheral defect area and fibrous repair in the middle, whereas defects filled with a scaffold and MSCs resulted in elastic, firm, translucent cartilage with zonal architecture and good integration with the surrounding cartilage [126] . Chondroitin sulfate, another major [146] [147] [148] [149] constituent of cartilage, can also be photopolymerized with similar modifications to produce hydrogels that exhibit viscoelastic behavior [127] . These chondroitin sulfate based hydrogels support viable chondrocytes and can be degraded in the presence of chondroitinase ABC. Furthermore, chondroitin sulfate can be copolymerized with PEG to increase the hydrogel pore size and provide bioactive cues for encapsulated cells [127] . Fibrin glue is a natural polymer formed from the polymerization of fibrinogen with thrombin, and it elicits good biocompatibility as a wound adhesive and can facilitate cell-matrix interaction via integrin binding [128] . It is attractive as a natural scaffold because it can be made from autologous blood. However, one drawback is that gels tend to shrink in vivo. Recently, a longterm stable fibrin gel was developed that is transparent and stable for 3 weeks [129] . This gel exhibits a broad linear viscoelastic region, withstands loads of 0.0001-10 kPa, and supports chondrocyte proliferation and cartilaginous ECM production while retaining its size and shape. Studies in nude mice have shown the suitability of using fibrin glue as a biomaterial, where degradation and polymerization time can be controlled by fibrinogen and thrombin concentrations, respectively [130] . Fibrin glue has also been combined with other polymers like polyurethane and improved cell seeding viability and distribution, and increased the expression of aggrecan and type II collagen [131] .
Type I and type II collagen scaffolds have inherent biological cues that allow chondrocytes to interact and remodel the hydrogel. A type I collagen gel seeded with autologous chondrocytes has been used to treat full thickness defects in rabbits with newly regenerated cartilaginous tissue formation seen after 6 months and tissue organization after 12 months [132] . Gelatin, which is derived from collagen, is also biocompatible and can be modified to crosslink with visible light and support chondrocytes, though some potential diffusion limitations may exist [133] . Also, gelatin/alginate gels promoted chondrocyte proliferation, a rounded morphology, and expression of hyaline matrix molecules with increased spatial deposition of proteoglycans and constant expression of type II collagen [134] .
Alginate is a polyanionic polymer found in brown algae, and can be crosslinked with bivalent cations to form stable ionically crosslinked gels. Alginate beads and hydrogels have been used to expand chondrocytes and induce stem cell differentiation [95] [96] [97] . Recently, investigators have modified alginate gels with synthetic adhesion peptides [135] or combined alginate with other materials to make hybrid scaffolds [134, 136, 137] . RGD-functionalized alginate has been shown to affect articular chondrocyte attachment and morphology and chondrogenesis [135, 138] . Also with increasing crosslinking density and substrate stiffness, chondrocytes grown on alginate gels exhibited a more flattened morphology with stress fibers observed via phalloidin staining [138] . Despite its advantages for studying in vitro chondrogenesis, limitations to alginate gels include low mechanical properties and slow degradation rates.
Agarose is a linear polysaccharide derived from Asian seaweeds that solidifies when cooled, and has been widely used to study chondrocyte response to deformational loading since it is able to transmit applied mechanical forces to cells during compression [139] . Chitosan is a biosynthetic polysaccharide derivative of chitin that is found in the exoskeletons of arthropods that is a liquid at room temperature and gels at physiological temperatures. It is a semi-crystalline polymer that is biocompatible, degraded in vivo by lysozymes, and can interact with GFs and adhesion proteins. In addition, a number of methods have been used to ionically or covalently crosslink chitosan or chitosan derivatives, to improve mechanical properties [140, 141] . Chitosan and chitosan hybrid hydrogels support normal chondrocyte phenotypes in 2D [140, 141] and 3D cultures [142] .
Some synthetic copolymers have also been investigated as thermoreversible hydrogels, with gelation occurring above their lower critical solution temperature (LCST). These include p(NiPAAm-co-AAC) and poly(propylene fumarate-co-ethylene glycol) (p(PF-co-EG)), which are capable of retaining chondrocyte phenotype and viability [143, 144] . Within these gels, cells remained responsive to co-encapsulated soluble factors like HA and TGF-β3, which can lead to increased expression and synthesis of cartilage-specific ECM proteoglycans [145] .
Self-assembling peptides constitute another class of biomaterials that can be made into hydrogels, and form by amino acid sequences of alternating ionic hydrophobic and uncharged hydrophilic side groups. These self-assembling peptide hydrogels form stable β-sheets of interwoven nanofibers when exposed to an electrolyte solution and are capable of rapidly encapsulating chondrocytes at physiological electrolyte concentrations and pH levels. RAD-, ELK-, and EAK-based peptides form strong β-sheet secondary structures in aqueous solutions [146] . For example, Zhang and coworkers have produced a stable selfassembling EAK16 membrane that does not dissolve by the addition of heat, acidic or alkaline solutions, or proteolytic enzymes [147] . This stability may be due to complementary ionic bonds between glutamic and lysine side chains. Kisiday et al showed that articular chondrocytes maintain their phenotype and produce cartilage-like ECM after 4 weeks when encapsulated in self-assembling peptide KLD-12 hydrogels in vitro [148] and respond to dynamic compression loading, with an increase in proteoglycan synthesis and mechanical properties over free-swelling controls [149] . In addition, synthetic self-assembling peptides can be modified to incorporate biologically active motifs that promote cell-matrix interactions [146] .
Sponges
Sponges are porous scaffolds whose properties are dependent on pore size, porosity, and interconnectivity. Porosity dictates surface area [120] for cell adhesion, while pore size and interconnectivity affect cell infiltration and migration, matrix deposition and distribution [150] , and nutrient and waste exchange. To date, several methods have been employed to manufacture sponges, including: porogen leaching, freeze-drying, and gas foaming. These manufacturing methods affect scaffold architecture, which in turn affects tissue formation, and can be used to encapsulate GFs [151] . To date, numerous materials have been used to fabricate sponge scaffolds, including poly (α-hydroxy esters) [152, 153] , alginate [154] , polyglactin/polydioxanone [155] , chitosan [156] [157] [158] , silk fibroin [76, 77, 159, 160] , HA [84, 111] , collagen [161] and gelatin [84, 158, 162] . A novel biodegradable elastomer scaffold from poly(1,8 octanediol citrate) (POC) has been fabricated by saltleaching and supported the growth of chondrocytes in vitro [163] . This POC scaffold is capable of complete recovery from compressive deformation, and may provide good structural support in the mechanically loaded knee environment. In addition, resorbable polyglactin/polydioxanone scaffolds have been used in full thickness equine defects and showed good cartilage repair with integration into surrounding tissue [155] .
Chitosan can also be formed into sponges via freeze-drying and lyophilization [157] . In a study by Kuo et al., chitosan and chitin hybridized scaffolds in various compositions were investigated as potential scaffolds [156] . An increase from 20 to 50 wt% of chitin resulted in smaller pore diameters, increased surface area, a higher Young's modulus, and lower extensibility, which resulted in increased cell numbers and ECM production in 28 days. Chitosan has also been hybridized with gelatin, which serves as a substrate for cell adhesion [158] . This chitosan/gelatin scaffold was used for elastic cartilage repair and neocartilage exhibited type II collagen, elastic fibers, and GAG production, with total GAG content ∼90% of that found in native auricular cartilage [158] .
Silk fibroin is composed of a filament core protein called fibroin with a glue-like coat of sericin proteins. Sponges can be formed from silk fibroin by a solvent casting/salt leaching method that supports both chondrocytes [164] and stem cells [77] . Compared to fast degrading collagen scaffolds, silk scaffolds supported greater proliferation and chondrogenesis of MSCs [76, 159] . Collagen and collagen hybrid sponges have also been formed that support chondrocyte growth and phenotype retention [161] . The use of collagen microsponges in the porous openings of PLGA fibers [165] and sponges [153] has yielded new hybrid scaffolds with improved properties. Furthermore, type II collagen-GAG scaffolds with varying crosslinking densities can mediate cell behavior. In a study by Vickers et al., chondrocytes seeded on type II collagen-GAG scaffolds with low crosslinking densities experienced cellmediated contraction, an increase in cell number, enhanced chondrogenesis, and increased degradation rates [161] .
Meshes
Meshes are networks of woven and non-woven fibers, where variations in void volume and fiber diameter and directionality can dictate cell behavior. Non-woven meshes have high void volumes and surface areas that are well suited for tissue regeneration, whereas woven meshes exhibit greater strengths and can be made in a wide range of porosities. In general, these prefabricated forms can be cultured in vitro with cells to create mechanically stable scaffolds and then implanted in vivo for complete repair. A drawback to prefabricated scaffolds is a difficulty in filling irregularly shaped-defects, where incomplete contact with surrounding cartilage may hinder complete integration. 3D fiber deposition is one technique used to form scaffolds with regulated patterns [166] . Moroni et al were able to produce a scaffold with biomechanical properties comparable to bovine articular cartilage using 3D fiber deposition of poly (ethylene oxide) terephthalate/poly(butylene) terephthalate (PEOT/PBT) [167] . This group also adapted the method to develop a shell-core fiber architecture [168] .
Recently, electrospinning has generated much interest to produce biomaterials with nano-scale polymer fibers that mimic collagen fibrils in cartilage ECM [169] . Fibers are generated as the surface charge of the polymer droplet overcomes its surface tension in an applied electric field, causing an instability that creates jets of polymer that can then be collected as solvent evaporates. Advantages to using electrospun scaffolds include high surface area to volume ratios and fully interconnected pores, and the ability to create aligned fibers. By collecting the nanofibers on a rotating mandrel, aligned fibrous scaffolds can be fabricated, and can mimic the anisotropic morphology of some tissues. These nanofibrous scaffolds support chondrocytes and stem cells [80, 169] .
The most commonly used meshes are made of poly(α-hydroxy esters). These meshes have been used since the early 1990s for cartilage regeneration and include poly(lactic acid) (PLA), PGA, and their copolymers (PLGA). PGA is the most hydrophilic of this group and degrades into a natural metabolite that is completely resorbed through metabolic pathways. On the other hand, PLA, with an additional methyl group, is more hydrophobic, resulting in slower degradation. Copolymers of PLA and PGA can be optimized for mechanical and degradation properties. Shin et al showed that changes in copolymer composition resulted in differential degradation, where PLGA at a 50:50 composition degraded faster than 75:25 due to the higher PGA content [170] . Furthermore, polyester scaffolds can be modified with biological agents like type II collagen [171] and HA [172] . Immobilization of type II collagen on PLLA/PLGA scaffolds increased chondrocyte proliferation and GAG deposition while decreasing inflammatory responses by preventing host tissue infiltration and capsule formation [171] . Immobilization of HA to the surface of PLGA scaffolds enhanced chondrocyte attachment and substantially increased GAG and collagen synthesis [172] . Furthermore, MSCs seeded on PLGA scaffolds resulted in smooth, shiny white hyaline-like tissue after 12 weeks of in vivo culture in a rabbit defect [173] . PCL is another member of the poly(α-hydroxy ester) family with slower degradation kinetics. Recently, PCL has been electrospun to form nanofibrous scaffolds capable of supporting proliferating chondrocytes that produce proteoglycan-rich matrices [169] . Furthermore, these scaffolds can also support chondrogenesis of MSCs comparable to cell pellet controls [80] .
Several natural materials have also been processed as fibrous scaffolds, including cellulose [174] and HA derivatives [44, [175] [176] [177] . Non-woven cellulose II fabrics coated with calcium phosphate supported better cell adhesion than unmodified fabrics, where calcium leaching from the scaffold has the potential to mimic the cartilage microenvironment in the vicinity of subchondral bone [174] . Non-woven HA esters (HYAFF® derivatives) are semisynthetic, resorbable meshes that support cell adhesion, proliferation, and production of cartilage-specific ECM in vitro [44, 175, 176] and in vivo [111, 177] . In a pilot study by Radice et al., HYAFF®11 elicited no inflammatory response and completely degraded within 4 months of implantation [177] . In a clinical setting, Hyalograft® C (a graft composed of autologous chondrocytes grown on a HYAFF®11 scaffold) has been used to treat a number of human articular cartilage defects [178] [179] [180] . Hyalograft® C repaired cartilage showed significant improvements over pre-operation assessments with cartilage regeneration even in joints with progressed osteoarthritis [179] .
Stimulating factors
As the third component of the tissue engineering triad, stimulating factors have been employed to induce, accelerate, and/or enhance cartilage formation (Table 3 ). For instance, GFs and other additives may be added to culture media in vitro or incorporated into scaffolds for in vivo delivery to control cellular differentiation and tissue formation. In addition, gene therapy has emerged as another method of local delivery, where cells can be engineered to over-express bioactive molecules. An additional approach is the introduction of mechanical signals through loading regimes such as hydrostatic or dynamic compression or through the use of bioreactors. Since many types of cartilage depend on mechanical forces to maintain healthy function, this approach has been used to alter cellular differentiation and tissue production.
Growth factors and additives
A number of growth factors like TGF-β, FGF, BMP, and IGF, along with other soluble factors like HA, chondroitin sulfate, and insulin, have been explored for their effects on cartilage tissue engineering. These factors have been investigated independently and synergistically, with outcomes dependent on cell type and culture conditions. Members of the TGF-β family have been shown to play a major role in cartilage development. They are commonly used to induce chondrogenesis in embryonic [104] and adult MSCs [182, 183] , to increase cartilage ECM synthesis [184] , and to enhance proliferation of chondrocytes [185, 186] .
Several studies have shown that TGF-β isoforms differ in their effects on various cell types, where TGF-β1 is responsible for initial cell-cell interactions between condensing progenitor cells [187] , TGF-β2 mediates hypertrophic differentiation, and TGF-β3 has stronger effects on MSC differentiation [188, 189] . Another growth factor, IGF-1, acts in an anabolic manner to increase the production of proteoglycans and type II collagen [71, 190] .
FGF-2 is a mitogen involved in wound healing that has been used to preserve the chondrogenic potential of monolayer expanded chondrocytes [191, 192] and to increase cell proliferation [192] [193] [194] , which in turn can result in greater ECM deposition [195] and accelerated repair [196] . BMPs impact both chondrogenesis and osteogenesis, and are attractive for in vivo osteochondral defect studies as they can assist osteochondral integration at the implant site. These morphogens regulate chondrocyte differentiation states and ECM composition. Specifically, BMP-2 and -7 have been shown to increase matrix production in chondrocytes and progenitor cells. BMP-2 increases TIMP-1 [197] , Sox 9 [68] , type II collagen [68, 198] , and aggrecan [68] expression levels, while BMP-7 stimulates the production of proteoglycan-rich ECM and suppresses fibroblast infiltration into the scaffold [199] . BMP-7 transfection into periosteal-derived MSCs resulted in complete or near complete bone and cartilage regeneration in an osteochondral rabbit defect model with a PGA scaffold after 8 weeks [200] . Furthermore, BMP-2 and -7 act synergistically, resulting in even better matrix production [198] .
Methods to incorporate GFs and other soluble factors directly into scaffolds have been developed to improve cartilage formation. For delivery in vivo, these additives can be loaded in the scaffold itself and/or in microspheres or microparticles, which are then incorporated into the scaffold. Release profiles of these additives are dictated by degradation and diffusion properties. For in vivo applications, TGF-β has been incorporated into hydrogels composed of oligo(poly(ethylene glycol) fumarate) (OPF) [201, 202] , PEODA [203] , and fibrin [204] , and/or loaded into microspheres or microparticles, made of PLGA [205] , gelatin [84, 201] , and chitosan [184, 206] . Thus, growth factor release can be controlled by crosslinking density and/or variations in the size of the microparticles. In general, the burst release of the GF is decreased when loaded microspheres are encapsulated within a scaffold [201, 205] . Many in vitro studies have shown additive benefits of using TGF-β and IGF-1 in combination [207] . However, Holland and colleagues showed that these in vitro results may not be as effective in an in vivo environment. In an osteochondral repair in rabbits, microparticle delivery of IGF-1 in OPF gels with articular chondrocytes showed significantly better repair overall over controls without IGF-1, yet this enhancement was not observed when delivered in combination with TGF-β1 [208] .
In addition, others have incorporated soluble HA to improve tissue quality. Scaffolds supplemented with soluble HA have improved cell proliferation [162] , increased expression of cartilage-specific matrix proteins [209] , and increased matrix synthesis [111, 154, 162, 210] . Furthermore, for photopolymerization applications, HA increases the viscosity of the precursor solution, allowing for better retention of the solution at the injection site [203] . The addition of chondroitin sulfate has been shown to promote cell ingrowth and tissue formation [211] , while chondroitinase ABC treatment has been shown to induce maturational growth and enhanced tensile integrity of cartilage explants [212] .
Gene therapy
Many biological agents have a short half life, which limits their in vivo efficacy. Gene therapy is an alternative approach to encapsulating bioactive molecules in scaffolds. Ex vivo gene therapy has drawn much interest as a method to transiently overexpress and release proteins from cell-seeded scaffolds to provide local delivery [213] . Both viral (e.g. retroviruses and adenoviruses) and non-viral agents (polymers and liposomes) can be used to transfect cells. Viral vectors typically have higher transfection efficiencies but carry greater safety concerns, whereas non-viral vectors exhibit lower transfection efficiencies and carry fewer safety concerns. FuGene 6 is a non-viral vector that has been successfully used to transfect articular chondrocytes at an efficiency of 35% with the transgene IGF-1 [214] . Encapsulation of these transfected cells in alginate spheres resulted in IGF-1 expression for up to 6 weeks. Transfection of BMSCs has also been accomplished within the scaffold, where porous chitosan/collagen scaffolds were created by freeze drying with TGF-β1 plasmids [215] . Transfected scaffolds increased proliferation rates and the expression of type II collagen and aggrecan. Success has also been shown with PGA sponges, where periosteal-derived stem cells were transduced ex vivo with BMP-7, and showed improved healing of full thickness cartilage defects after only 6 weeks [216] . With gene therapy for cartilage regeneration in its infancy, much remains to be investigated, including endless combinations of modified cells and scaffolds.
Hydrostatic pressure
In the joint cavity, cartilage exists in an environment of reduced oxygen and intermittent hydrostatic pressure. Thus, mimicking these conditions may provide a means to improve chondrogenesis in vitro. Low oxygen tension (5%) has stimulated the proliferation and type II collagen expression [217] , as well as increased cartilage-specific biosynthesis [24, 218] , of chondrocytes. Hydrostatic pressure applied within physiological levels has been beneficial [218] [219] [220] [221] ; however, the effects of loading are highly dependent on the loading regimen [217] and require much optimization. Chondrocytes loaded at 10 MPa and 1 Hz for 4 h/day, 5 days/week, for up to 8 weeks showed an increase in collagen production and prevention of GAG loss over static controls [221] . The benefits of hydrostatic loading were also noted in chondro-induced MSCs, where 0.1 MPa of loading increased Sox 9 and aggrecan expression and 10 MPa of loading generated a maximum response for type II collagen, while matrix condensation was observed with increasing hydrostatic pressure [219] . Hansen and colleagues reported that chondrocytes loaded at 0.2 MPa and 0.1 Hz for 30/2 or 2/30 min of on/off loading showed inhibited proliferation and increased collagen secretion or increased proliferation and lowered collagen expression, respectively [218] .
Dynamic compression
There is significant evidence that dynamic compressive loading has a stimulatory effect on cartilage, chondrocytes, and stem cells. Chondrocytes exhibit compressibility and behavioral changes with compressive load as a function of strain. Numerous loading regimes ranging from a single application [222, 223] to continuous loading [139, [224] [225] [226] have been investigated as a means to accelerate and improve tissue formation. In each case, loading regimes must be optimized for cell type, seeding density, and scaffold. Recently Ng and colleagues attempted to engineer a stratified cartilage construct with layered 2% and 3% agarose with dynamic loading over 28 days. However, increased bulk mechanical and biochemical properties were only seen in the 2% gel [227] . In addition, chondrocytes encapsulated in fibrin glue were not affected by dynamic loading, even though loading has been shown to positively stimulate chondrocytes in agarose [228] .
Studies have shown catabolic and anabolic effects of compressive loading, hinting at a structural remodeling effect of the newly synthesized matrix through loading [222] . A single application of a uniaxial compressive load (1 kPa, 1 Hz, 30 min) increased collagen and proteoglycan synthesis and improved mechanical properties [223] . This single application of load transiently increased MMP-3 and MMP-13 expression, and produced a catabolic change 2 h post-stimulation characterized by the release of proteoglycans and collagen into the culture media. This was followed by an anabolic change with an increase in type II collagen and aggrecan expression 12 h poststimulation, indicating that cyclic loading has a remodeling effect involving the mitogen-activated protein kinase (MAPK) pathway.
Furthermore, the addition of growth factors with loading appears to have a synergistic effect. Mauck et al showed that stimulatory responses could be increased with the addition of TGF-β1 and IGF, including increased proteoglycan and collagen contents and equilibrium aggregate modulus of chondrocytes cultured in agarose gels [207] . Furthermore, Chowdhury and colleagues showed that TGF-β3 modulates cellular responses during dynamic loading via an integrin mediated mechanotransduction, where the addition of the peptide GRGDSP, a competitive ligand for α5β1 integrin binding, was able to reverse the compression-induced stimulation [229] . However, one problem encountered with dynamic loading is the loss of newly synthesized matrix proteins to the culture media [226] .
Bioreactors
Bioreactors have been employed to accelerate and improve the growth of engineered cartilage in vitro. They serve to enhance nutrient transport and provide a hydrodynamic environment that imposes a fluid-induced shear stress to promote the synthesis of cartilage-specific matrix proteins. Dynamic cell seeding of porous scaffolds, typically done in spinner flasks, has led to faster adhesion and better cell distributions [112] . Though the effects are scaffold dependent, chondrocyte-laden scaffolds grown in perfusion culture increased cell proliferation and biochemical content compared to static culture [230, 231] . For long-term in vitro culture, low shear stresses stimulate ECM synthesis and deposition, yielding greater tissue formation, while high shear stresses suppress GAG deposition. In general, higher seeding densities have enhanced GAG content, potentially due to cell-cell interactions [23, 112] , while scaffolds seeded at low cell densities fail to elicit a response in bioreactor culture [232] . Bioreactors currently being investigated for cartilage tissue engineering include: a parallel-plate bioreactor [233] , rotating wall bioreactor [23] , and a concentric cylinder bioreactor [234] . Recently, a newly developed wavy-wall bioreactor (WWB) has been shown to increase chondrocyte proliferation and ECM deposition on PGA scaffolds over the common spinner flask culture [235] . Compared to a spinner flask, the novel bioreactor reduces fluid shear stresses and increases axial mixing. The addition of growth factors, like IGF-1, can also be used in combination with bioreactors to further enhance matrix accumulation [190] .
Conclusions
Cell source, scaffolds, and signaling factors make up the tissue engineering triad. One of the biggest challenges for cartilage tissue engineering is cell source. Current work on alternatives to chondrocytes is expanding, and the potential and limitations of fibroblasts and stem cells are being explored. Novel biomaterials are being continuously developed and are leading to unique interactions with cells through controlled biomaterial chemistry, structure, and the addition of biological molecules. Also, the incorporation of stimulatory factors such as bioactive molecules, gene therapy, mechanical loading, and bioreactors are leading to enhanced cartilage production. Ultimately, clinical translation and feasibility needs to be considered with all of these approaches if a successful tissue engineered cartilage product is to make it through the regulatory process and into patients.
